A 3D living-cell culture in hydrogel has been developed as a standardized low-tensile-strength tissue proxy for study of ultrafast, pulsetrain-burst laser-tissue interactions. The hydrogel is permeable to fluorescent biomarkers and optically transparent, allowing viable and necrotic cells to be imaged in 3D by confocal microscopy. Good cellviability allowed us to distinguish between typical cell mortality and delayed subcellular tissue damage (e.g., apoptosis and DNA repair complex formation), caused by laser irradiation. The range of necrosis depended on laser intensity, but not on pulsetrain-burst duration. DNA double-strand breaks were quantified, giving a preliminary upper limit for genetic damage following laser treatment.
1.Introduction
Ultrafast lasers (i.e., ≤1 ps pulse duration) have become practical and cost-effective in clinical environments as precise tools for delicate surgical procedures. Ever since they were first introduced for corneal flap creation [1, 2] in Laser-Assisted in situ Keratomileusis (LASIK), ultrafast lasers have become a standard resource in corneal refractive surgery [3] and an emerging tool for use in cataract surgery [4] . Extensive research aims to incorporate ultrafast lasers in various surgical procedures such as microsurgery of vocal folds [5] , craniofacial osteotomy [6] , stapedotomy [7] , cardiology [8, 9] , dentistry [10, 11] , and sub-cellular nanosurgery [12, 13] . Continued increases in average powers for ultrafast fiber lasers [14] should eventually offer an even more compact and cost-effective alternative to solid-state ultrafast-laser systems.
Unlike long-pulse (i.e., >1 µs laser-pulse duration) laser ablation, which relies on linear absorption into endogenous chromophores (e.g., water), tissue ablation with ultrafast-laser pulses is plasma-mediated [12] , offering submicrometer-scale precision [15] , applicable over a broad range of tissues of varying optical and mechanical properties. Moreover, the collateral damage (e.g., cracking, charring) from ultrafast-laser ablation is small compared to most longpulsed laser surgeries. This minimal collateral damage is due to the timescales of energy deposition and subsequent tissue ejection being much shorter than the timescales governing the propagation of laser-induced stresses and heat into the surrounding tissue [16] . Additionally, higher instantaneous intensities mean that the total energy density required to initiate ablation is lower for ultrashort pulses [12] .
However, there are shortcomings when using ultrafast lasers as a surgical tool to ablate tissues. Typically the etch depths are shallow, resulting in slow removal rates and requiring higher repetition rates to reduce the total treatment time. Due to negligible thermal accumulation in the surrounding tissue after irradiation and ablation, the eschar region surrounding the ablation crater is small or non-existent. In general, a limited region of collateral damage (e.g., thermal coagulation) lining the incision is desired for homeostasis, sealing the open wound against the surrounding environment, preventing infection and, consequently, providing a more rapid wound-healing response. The method of fractional photothermolysis introduces new control by spatially partitioning the average therapeutic radiant exposure into microzone wounds, with regions of unaffected tissue between them [17, 18] .
Ultrafast lasers operating in pulsetrain-burst mode at >100-MHz pulse-repetition rates offer a new mode of fluence delivery (fluence, or radiant exposure, has units of J/cm 2 ) that increases material removal rates and controls accumulated heat from consecutive laser pulses, all while preserving the precise nature of ultrafast ablation. It has been shown in materials science applications that changing either the pulsetrain-burst duration, spacing between pulses, and/or pulse intensity can control melting in glass [19] [20] [21] and dental hard tissue [22] . Pulsetrain-burst delivery is also characteristic of free-electron lasers (FELs) [23] [24] [25] , which typically generate a burst of picosecond pulses at very high repetition rates (> 1 GHz) within a macropulse of some microseconds duration. Wavelength tunability is the main advantage of FEL treatment of biotissue, but the interpulse timing within a macropulse, and macropulse duration, likely also govern the impact of FELs on materials and biotissues.
If this fluence-delivery method is applied to soft tissue ablation, altering the incident laser pulsetrain-burst parameters potentially provides control over the extent of eschar zone surrounding incision sites while minimizing other tissue damage mechanisms.
A standardized tissue model is largely desirable to determine the laser-operation parameters' impact on living biological systems following pulsetrain-burst mode ablation. Natural differentiated tissues are non-uniform, and have regions of connective or vascular tissue, which can complicate characterization of laser radiation impact. A tissue model for biophysics studies needs to be simple and homogeneous, so that cellular damage, from the expected primary damage mechanisms (thermal accumulation, shockwave disruptions and ionizing radiation), can be quantified spatially. Thermal accumulation and shockwaves can cause cellular necrosis and/or apoptosis, while ionizing radiation (extreme ultraviolet photons and Auger electrons) can cause single-or double-strand breaks of the DNA, leading to apoptosis, mutagenesis, or oncogenesis. The model needs to be biologically alive in order to see the evolution of subcellular tissue damage over time initiated by the laser pulse (e.g., apoptosis and DNA repair-complex formation). The tissue model also needs to be three dimensional (3D) to enable realistic modeling of not only laser energy deposition into the tissue model, but also the subsequent energy dissipation and propagation causing damage beyond the initial interaction zone (e.g., shockwaves and ionizing radiation), which must still be confined to the tissue phantom despite the potentially large effect volume. Additionally, the Young's modulus should also be representative of the target tissue's mechanical properties.
In terms of these criteria, proxy tissues offer a better standard model than ex vivo differentiated tissues do. Tissues taken ex vivo has limited cell-viability due to their large cell densities, versus low oxygen and nutrient delivery by diffusion. Low viability makes it impossible to characterize delayed cellular damage and death initiated by laser-irradiation.
While plated cell cultures can be appropriate as a tissue model to test the impact of laser ablation, such cultures are by definition two-dimensional, and cannot realistically model three-dimensional propagation damage (e.g., shockwaves) resulting from ultrafast laser exposure.
One possible option for a standard tissue model is a matrix of cross-linked polymer chains populated by viable cells, since the physical parameters (e.g., thermal and mechanical) of cross-linked polymer chains are homogeneous and scalable to match the Young's modulus of different tissues. Hydrophobic polymers are mechanically strong, but they are not suitable to encapsulate viable cells [26] . On the other hand, hydrogels (i.e., hydrophilic polymers) are frequently used as scaffolding materials for viable cells since they are processed under relatively mild conditions, are non-toxic to cells, and are permeable to oxygen and nutrients. Naturally derived hydrogel polymers (e.g., agar, alginate, and collagen) usually are either components of or have macromolecular properties similar to the extracellular matrix found in biological tissues [26, 27] .
To be a suitable standard tissue model, the thermal and mechanical properties of the hydrogel should replicate those found in many biological tissues. These properties are important determining factors in the ablation mechanism and the resulting collateral cellular damage mechanisms. The thermal diffusivity of agar hydrogel is found to be comparable to water and animal tissue (e.g., muscle, fat, and skin) [28] . Generally hydrogels have a limited ultimate tensile strength (UTS) and rupture easily, given that they lack a connective scaffold. Others [29] have found the UTS of agar-based hydrogels to be ~0.05 MPa -comparable to low tensile strength, high-water-content tissues like liver tissue [30] . However, some hydrogels have been synthesized with fracture toughness similar to cartilage [31, 32] . Hydrogels have been previously used as tissue proxies for laser-irradiation [33, 34] while hydrogel cell cultures are used in fundamental studies of cell response to drug and radiation treatments (e.g., photodynamic therapy [35] and interstitial laser photocoagulation [36] and can be adopted to represent appropriate tissue environments [37] .
A 3D hydrogel comprising a living-cell culture was developed as a low tensile strength tissue proxy, permitting testing the impact of this novel modality of laser-ablation and understanding the extent of tissue damage for different laser parameters. The production of a 3D tissue proxy is reported with very good cell viability over long periods (~24 hours). Cellular damage (i.e., necrosis, apoptosis, and DNA double-stranded breaks) can be identified and quantified using commercial fluorescent biomarker assays followed by confocal fluorescence laser scanning microscopy (CFLSM). The tissue proxy is shown to be permeable to these small labeling fluorophores and can be virtually sectioned using CFLSM. Quantification of the extent of necrosis and DNA double-strand breaks (DSBs) following ultrafast pulsetrain-burst mode laser ablation at several laser parameters (i.e., per-pulse intensity and burst duration) demonstrates the suitability of this tissue proxy. Additionally the ablated volume can be determined optically.
Materials and Methods

Viable Hydrogel Preparation
F98 rat glioma cells acting as damage sensors were first cultured in Dulbecco's medium (DMEM-H21, GIBCO) supplemented with fetal bovine serum (FBS) and antibiotics (penicillin and streptomycin). Upon reaching ~80% confluency, cells were trypsinized and centrifuged at 1500 rpm for 5 minutes. The resulting cell pellet was re-suspended in 6 mL of Alpha MEM medium (GIBCO, without phenol red) supplemented with FBS and antibiotics. Phenol red is a broadband fluorophore and would contribute background noise in CFLSM images.
The hydrogel was prepared by dissolving solid agar (Agar Bacteriological (Agar No.1), OXOID, Nepean, ON) in distilled water to 25 µg/mL at 125 °C in an autoclave for 1 hour. Afterwards the agar solution was brought to a temperature of 55 to 60 °C. The agar-water solution (4 mL) was thoroughly mixed with the 6-mL cell solution at room temperature and poured into 35-mm Petri dishes for a final cell density from 1×10 6 to 3×10 6 cells/mL. This final cell concentration corresponds to a mean cell-to-cell separation of ~50 µm, providing both adequate spatial resolution between cells for CFLSM and appropriate diffusion of oxygen and nutrients throughout the gel to prevent cell starvation. The hydrogel-cell mixture was left to solidify at room temperature for 2 to 3 minutes. A viability assay showed that the cell viability was maintained for >93% of all gel-imbedded cells after solidification of the hydrogel-cell mixture, immediately post-production. Punch-hole biopsies, 6 mm in diameter and 3 mm thick, were extracted from the hydrogel for single pulsetrain-burst laser irradiation experiments. Control hydrogels were also prepared -handled identically to experimental gels, but not laser-irradiated. On average, 3 hydrogels were used each day of experiments and 3 biopsies were extracted from each gel.
Laser Irradiation
Within one hour of preparation, the hydrogel biopsies were irradiated with a single pulsetrainburst from a purpose-built, ultrafast Nd:glass laser (1 ps; λ = 1053 nm) producing ~30-µsduration pulsetrain bursts at 133-MHz pulse repetition rate [38] . The experimental setup is shown in Fig. 1 . A Pockels cell 'N-pulse selector', similar to a pulse picker, was used to select a 0.1 to 20-µs-duration sub-train of the pulsetrain-burst. A waveplate-polarizer attenuator controlled the pulse energy that exited the oscillator. The pulsetrain-burst was amplified in two consecutive four-pass amplifiers to reach a maximum per-pulse energy of ~30±3 µJ (variability arising from the pulse-to-pulse fluctuation within the burst), and per-burst energies up to 80 mJ. The pulsetrain-burst duration and per-burst energy were measured using a calibrated fast photodiode (DET210, Thorlabs, Newton, NJ). The amplified pulsetrain-burst was focused onto the gel-sample surface using a 20-mm focal-length aspherical lens to a near-diffraction-limited ~5-µm-FWHM spot. At 30 µJ per pulse, the peak intensity at focus was 1.5×10 14 W/cm 2 . Laser light back-reflected from the gel surface was imaged with 15× magnification onto a CCD camera, using a 300-mm focal length lens, to monitor the size and transverse profile of the focal spot. Each hydrogel biopsy was irradiated with just one pulsetrain-burst (shot) for characterization of the cellular response under a particular irradiation scheme.
Staining and Confocal Microscopy
After laser irradiation, the gel-biopsies were stained with fluorescent marker-dyes to tag different cells for examination under CFLSM. Hoechst 33342 (Invitrogen, Carlsbad, CA) was selected as a marker for all (viable, early-stage necrotic, and apoptotic) cells because it can permeate through intact and compromised cellular membrane [39] and intercalate with the DNA. Propidium iodide (PI; Invitrogen) was selected to mark only necrotic cells as it cannot penetrate across intact cellular membrane [40] . Similarly, Annexin-V (conjugated with fluorescein isothiocyanate (FITC); PHN1010, Invitrogen, Carlsbad, CA) was selected as biomarker for cells undergoing apoptosis. Annexin-V binds to phosphatidylserine localized on the cytosolic side of the plasma membrane, if this membrane is still intact. When cells undergo apoptosis, phosphatidylserine distributes across the inner and outer membranes, becoming accessible to Annexin-V. A mixture of 5-µg/mL Hoechst 33342 (0.616 kDa), 5µg/mL propidium iodide (0.668 kDa), and 100-µL/mL Annexin-V (40 kDa) in binding buffer (Invitrogen, Carlsbad, CA) was added to the gel samples typically at 4 to 5 hours after laser exposure. The hydrogels were stained at 5% CO 2 and 37°C for 1 hour, and afterwards washed with phosphate buffer solution (PBS).
An antibody staining method, γ-H2AX antibody (FITC conjugated; EMD Millipore, Billerica, MA), was used to tag DNA DSBs, since DSBs lead to Serine 139 phosphorylation on histone H2AX [41] . These hydrogel samples were first fixed in 4% paraformaldehyde at 4°C for ~12 hours, and cells permeabilized using 0.2% Triton X-100 (Sigma-Aldrich). After washing with 0.5% NP-40 (Sigma-Aldrich, St Louis, MO) and PBS, the fixed samples were stained with 1 mL of a preparation of 2-µg/mL γ-H2AX antibody (17 kDa) in a blocking solution of 4% bovine serum albumin and 4% goat serum in PBS. Subsequently, the samples were incubated at 4°C for 12 hours, and afterwards washed with PBS.
The distribution of fluorescently-tagged cells was mapped in 3D using a confocal laser scanning microscope (LSM 510, Zeiss, Jena, Germany) with an objective (10×/0.5 N.A., FLUAR, Zeiss, Jena, Germany) having a 1.9-mm working distance, sufficient to access fluorophores 1.5-mm-deep within the hydrogel matrix. The fluorescence excitation (λ ex ) and emission (λ em ) wavelengths for each assay applied standard values: Hoechst 33324 (λ ex = 400 nm, λ em = 415 to 735 nm); PI (λ ex = 488 nm, λ em = 566 to 1000 nm); FITC-conjugated Annexin-V (λ ex = 488 nm, λ em = 493 to 1000 nm); FITC-conjugated γ-H2AX antibody (λ ex = 488 nm, λ em = 493 to 1000 nm). The typical volume scanned within the gel was 1 mm × 1 mm × 0.3 mm with ~1-µm-lateral and ~10-µm-depth increments. The lateral and axial resolution of the confocal fluorescence microscope at 700 nm, for example, was 0.6µm (0.4λ em /N.A.) and 5.1µm (1.4nλ em /N.A. 2 ), respectively, where n is the refractive index of the hydrogel (n≈1.3).
Results
The viability of cells was tested in control hydrogels for times up to 24 hours, corresponding to a time greater than the entire sequence of gel preparation, laser irradiation, staining and CFLSM analysis. Cells can lyse without laser irradiation due to extreme temperature during preparation or handling, by desiccation, or because of starvation of oxygen and nutrients. These 'incidentally necrotic' cells will add to the measured signal from PI staining of the laser-affected cells, possibly depending on depth below the surface. Punch-hole biopsy samples were extracted, in parallel with experimental samples, from hydrogels having cell densities of 1×10 6 and 3×10 6 cells/mL. These control samples were stained with Hoechst 33342 and PI at one, six, and twenty-four hours after initial gel preparation and analyzed by CFLSM. Irrespective of the cell densities prepared, and imaging depth, more than 90% of the embedded cells remain viable after 6 hours and more than 85% of the cells remain viable after 24 hours. A similar viable fraction (tagged only by Hoechst-33342) was also found in irradiated samples when scanning ~2 mm away from a laser-irradiated spot. These results demonstrate a high fraction of cells remain viable within the timeframe of laser-irradiation experiments and that the supply of oxygen and nutrients is sufficient. Fig. 2 , cells in hydrogel biopsies were intentionally insulted (i.e., thermal, chemical, and ionizing radiation), tagged by the appropriate biomarker, and compared to those cells tagged in a naïve control hydrogel. Cells were counted in the 3D CFLSM image by using a 3D cell counting macro in ImageJ (NIH, Bethesda, Maryland). Cells were counted in CFLSM images by first thresholding the measured fluorescence intensity per pixel at a minimum value, which rejected background noise without significantly rejecting fluorescence from cells, and then converting the image into a binary image. A median filter and a filter on the minimum cell size were also used to filter out shot noise.
Heating the hydrogel cell culture in a water bath at 65°C for ~10 min induced cellular necrosis in Fig. 2(a) . Cellular apoptosis in Fig. 2(b) was induced by incubating the cells in 20mL of a 0.8mM cis-platin solution in DMEM for 5 hours, prior to seeding the cells into the hydrogel. Irradiating hydrogel cell cultures with a standard X-ray source (X-RAD 225Cx Micro IGRT, Precision X-ray, North Branford, CT) at 225 kVp, 13 mA, and ionizing doses from 5Gy to 20Gy induced DNA DSBs in Fig. 2(c) . For all cases in Fig. 2 , the intentionally insulted cells are clearly distinguished from those in the control hydrogel indicating the suitability of CFLSM and these biomarkers to detect these insults within this living cell culture in hydrogel.
The maximum depth of cells detected under CFLSM is shown in Fig. 3 for cells tagged by Hoechst 33342 in Figs. 3(a) and 3(b) and PI in Fig. 3(c) . In Fig. 3(a) , prior to mixing into the hydrogel, Hoechst 33342 tagged the cells in vitro whereas the cells in Figs. 3(b) and 3(c) were tagged in situ in the hydrogel, as described previously. Necrotic cells in Fig. 3(c) were intentionally insulted in the manner of the necrotic cells in Fig. 2(a) . For all cases in Fig. 3 , the cell count is relatively constant and independent of depth up to a maximum detectable depth of ~700 µm. Similar results were found for Annexin-V when tagging apoptotic cells in hydrogel. For the laser ablation experiments, the maximum depths scanned were 500 µm. In principle, the maximum depth for detection of cells under CFLSM could be limited by optical scattering in the gel and the diffusion rate of fluorescent biomarkers, which in turn depends on their molecular weight. This maximum dateable depth depends upon the detectable fluorescence at deeper depths, which is shown for several biomarkers in Fig. 4 . Cells marked by PI, Annexin-V, and γ-H2AX were intentionally insulted as for Fig. 2 . As expected, the fluorescence intensity decreases with depth for all biomarkers as a result of optical scattering of the excitation and fluorescence within the hydrogel cell culture. The fluorescence intensity of dyes premixed into the hydrogel (Rhodamine-123 and Hoechst-33342) is slightly higher than those that permeated into the hydrogel, indicating that biomarker diffusion into the gel biopsies only slightly reduces the detectable fluorescence. This is supported by the similarity of the plots in Figs. 3(a) and 3(b), which also indicates that the diffusion rate of the biomarker is not limiting the maximum detectable depth. At greater depths, cell hypoxia and anoxia can result in widespread cellular apoptosis and inhibits cellular DNA repair mechanisms, limiting the maximum depth detected under γ-H2AX antibody staining. However, we have not observed any noticeable increase of apoptotic cells up to the maximum detectable depth of ~700 µm in control hydrogels for up to 24 hours and thus rule out this possibility.
The mechanical impact on the hydrogels after pulsetrain-burst mode laser ablation was investigated by measuring the dimensions of the ablation crater. In order to simplify the confocal measurement, hydrogels prepared with Rhodamine-123, but without cells, were used. The crater dimensions were determined from CFLSM virtual sectioning. The shape of the ablation-crater was an oblate hemispheroid ( Fig. 5(a) ), where the crater volume ( Fig. 5(b) ) scaled nearly linearly with the per-pulse laser intensity over the range 0.05 -1.0×10 14 W/cm 2 but did not depend significantly upon the pulsetrain-burst duration between 0.5 and 10 µs. Ablation characteristics were found to be reproducible; with the data for Fig. 5 taken over experiments of 4 days using 24 gel biopsies. The ablation crater volume was expected to increase with the pulsetrain burst duration, but the results in Fig. 5 suggest that ablation occurred only for the first handful of pulses in the pulsetrain. Based on the expectation that ablation is plasma-mediated, the plasma selfemission was measured using a 1-ns-risetime photodiode with two short-pass filters (BG39, Schott Glass) to attenuate the reflected 1053-nm laser light at an optical density of ~24. Consistently, the plasma self-emission in the visible-range of the spectrum was observed to last for ~100 ns regardless of pulsetrain-burst duration used down to the minimum achievable burst duration of 0.1 µs. This observation indicates that the leading 10 to 13 pulses solely contribute to plasma-mediated ablation of the hydrogel. This observation can be explained if the first 10 to 13 pulses vaporize sufficient water to explode in a bubble (i.e., explosive boiling), eventually ejecting material. This leaves a void in the gel extending over the focal volume, not permitting further absorption of laser radiation, leading to termination of the laser-plasma interaction. It has been shown elsewhere [42] that bubble formation stops absorption of successive laser pulses and subsequent ablation of water when using fs-laserpulses, with repetition rates >1MHz.
Bubble formation in hydrogels during laser ablation follows explosive boiling of water. Rupture of the hydrogel is facilitated by its limited tensile strength. Higher tensile strength (e.g., where there is more connective tissue) would resist cavitation thereby permitting more pulses in a pulsetrain to interact with the dense tissue. Irradiating solid materials of higher tensile strength (e.g., glass or dental hard tissue) with pulsetrain bursts is seen to result in greater material removal with increasing burst duration [38] , and to produce plasma selfemission throughout the entire burst.
The impact on cells following pulsetrain-burst mode laser ablation was determined by measuring the extent of cellular necrosis surrounding ablation craters using the assays combining Hoechst 33342 and PI in combination. The relative locations of both viable and necrotic cells in the CFLSM images were determined using a 3D cell counter macro in ImageJ. Following laser irradiation, the distribution of necrotic cells was roughly a hemisphere, approximately 100 to 250 µm in radius depending on pulse intensity. Taking the origin to be the point on the gel surface at the centre of this hemisphere, cells were binned by radius into equal-volume, hemispherical shells and counted (MATLAB (MathWorks)) ( Fig.  6(a) ). Within each of these bins, the number of viable and necrotic cells gave the necrosis fraction (i.e., the percentage of necrotic cells). To quantify the range of necrosis, this fraction was plotted as a function of distance from the origin and fitted with a smooth curve -we used a Gaussian function, being a smooth few-parameter fit relevant to thermal diffusion. The necrosis range was then taken to be the half-width at half-maximum of this distribution. Fig. 6. (a) The number of viable and necrotic cells in hydrogel irradiated at a 4.6×10 13 --W/cm 2 intensity and 1--μs--duration pulsetrain--burst as a function of distance from the centroid of the distribution of necrotic cells, but at the gel surface. Cells are binned in equal--volume, hemispherical shells. (b) Cylindrical projection of viable and necrotic cells, with hemispherical bins used for the analysis overlaid. The red hemisphere--line marks the necrosis range according to Gaussian fit. (c) The necrosis range as a function of the per--pulse laser intensity for a 1--μs--duration pulsetrain--burst. The line through the data points is a power--law fit with equation shown in the figure, where ! = 1.0×10 !" / ! , and = 138 ± 28 µμ . Error bars on data points are standard deviations multiple of Gaussian fits using different total number of hemispherical shells. Data shown was taken over 5 days of experiments from 5 separately produced gels providing 21 punch--hole gel biopsies. Fig. 6(b) presents a cylindrical projection of viable and necrotic cells, with the same hemispherical shells used for analysis. A few cells can be seen in the region where a crater is expected. One possible cause is the debris of necrotic cells floating from the surface of the crater into the liquid used for the assay. Another possible cause is that in the hydrogel, as for a soft tissue, the crater surface over several hours may slowly slump during staining and imaging. Rhodamine-123 allows for 3D measurement of the crater when using CFLSM (e.g., Fig. 5 ), but it cannot be combined with living cell cultures needed to measure necrosis range, since the dye itself is toxic. The live-dead assay liquid index-matches the hydrogel very well, preventing characterization of the crater shape during scanning, from the Fresnel reflectivity of the hydrogel free surface. Other ways to directly compare necrosis range and crater shape, in the same sample and at the same point in time, are being assessed.
The dependence of necrosis range on peak laser intensity, between 0.8×10 13 and 4.6×10 13 W/cm 2 for 1-μs-duration pulsetrain-bursts, is shown in Fig. 6(c) . The necrosis range scales closely as I 1/2 , the square root of the intensity.
The extent of cellular apoptosis surrounding ablation craters following laser ablation was also examined by an assay combining PI and Annexin-V. Three biopsies were irradiated at the highest laser intensity (1.5×10 14 W/cm 2 ) over three separate days. Hydrogel cell cultures were investigated 6-8 hours following laser irradiation, since the collateral physical impact of ablation from pulsetrain bursts would most likely result in pre-programmed cell death. However, no apparent difference in cellular apoptosis was detected between irradiated and control hydrogels.
The feasibility of measuring DNA double-strand breaks in this hydrogel-culture proxy was evaluated by first irradiating viable-cell gels as control samples, using the commercial Xray source described in connection with Fig. 2(c) , and staining with a γ-H2AX antibody assay. In these control samples, we found we could clearly detect DNA double-strand breaks above background only for ionizing radiation doses to ~5 Gy. (This dose is for water, which has a density close to that of hydrogel (>95% water), but does not include absorption by the cells.) or greater. In the case of laser-irradiation at the highest-available peak-intensity (1.5×10 14 W/cm 2 ), DNA double-strand breaks were not detectable above background. The γ-H2AX antibody assay depends on detection of the repair-complex formation in living cells -thus we conclude that if any cells received an ionizing-radiation dose of ~5Gy or greater, they were within the population of cells killed promptly or soon after; we did not detect viable cells with DNA double strand breaks due to pulsed laser ablation corresponding to this ionizing radiation dose.
Discussion / Conclusion
Though studies on these viable hydrogel cell-cultures certainly do not replace studies on ex vivo and in vivo tissues, hydrogel cell-cultures do offer clear advantages as a standardized tissue model to study the biophysics of thermal, radiative, and shockwave phenomena in biotissue under ultrafast-laser ablation.
While most real tissues contain differentiated structures for support and transport, the homogeneity of hydrogels is an advantage when seeking to directly compare biophysics effects: the homogeneity of live-cell hydrogel proxies permits grater reproducibility of results. The hydrogel cell cultures in this study are also more permeable and less densely populated with cells compared to excised tissue; thus, cells located deep in a hydrogel remain viable over a longer period of time due to better gas and nutrient diffusion. This results in a low count of 'incidentally necrotic' cells causing 'noise', thus improving statistics in measurements of cellular damage from laser irradiation, compared to ex vivo tissue.
The permeability of hydrogel also permits fluorescent biomarkers to penetrate more easily into the hydrogel. Compared to excised natural tissues, this permits more rapid tagging of different cellular damage types (Fig. 2) . The results in Figs. 2 and 3 demonstrate that fluorescent biomarkers can be used successfully for quantitative analysis of these cellular deaths mechanisms in this standardized tissue model.
Hydrogel also has negligible optical absorption and little scattering in the visible, which make it well suited for optical virtual-sectioning methods, like CFLSM. Both this minimal attenuation of visible light, and the rapid diffusion of fluorescent biomarkers within the hydrogel, comes together to permit 3D imaging of laser-induced cellular damage deep within the sample ( Figs. 3 and 4) . To obtain similar 3D measurements of cellular damage in ex vivo tissue, microtome sectioning would be required. However, image-registration errors between slices are considerable, as thin slices have little structural integrity and may stretch or tear. Image-registration error is not an issue when using CFLSM to virtually section and image cellular insult in hydrogel cell cultures.
While our hydrogel tissue model, at present, does not reproduce the mechanical or dynamical characteristics of connective tissues (e.g., see a comparison of UTS in Table 1 ), different approaches are available which attempt to duplicate the mechanical properties of tissues in hydrogels. One method is to increase the agar concentration since it is generally proportional to the UTS [29] . Another technique, used to replicate cartilage tissue, is to embed the viable-cell hydrogel within a porous and mechanically strong scaffold (e.g., poly-Llactide) [43] . Further, synthetic hydrogels containing double networks of long and short crosslinked polymers have been shown [31, 32, 1] to have high fracture toughness similar to cartilage [45] . Though not hydrogels, proxy tissues engineered by self-assembly and mechanically stimulated in a bioreactor have been developed with a UTS > 2MPa [46] . [16] While the above methods can approximate the mechanical characteristics of connective tissues in hydrogels, other useful properties such as optical transparency, cell biocompatibility, and biomarker permeability are compromised. For example, increasing the agar concentration of this hydrogel model also decreases the optical transparency and biomarker permeability. In this study we opted for the diagnostic advantages of this model.
For single-pulse or few-pulse ultrafast-laser interaction, the distinction between different tensile strengths may be unimportant -on such short timescales, inertial forces rather than the tissue's structural integrity may dominate mechanical dynamics. For ultrafast pulsetrainburst interaction, however, it is shown here that 10-13 pulses opens a vapor bubble in the hydrogel around the focal location, which does not happen in hard tissues [38] ; tissues with a collagen scaffold are expected to be an intermediate between these two.
In surgical applications, ultrafast pulsetrain-burst treatments are thought to offer control over the extent of the eschar zone around the laser-incision in tissue: by controlling the pulseintensity envelope, or the duration of the pulsetrain burst, one can impact the surrounding tissue minimally (cf. single ultrafast pulses) or extensively (cf. long-pulses). Thus one could produce results using pulsetrain bursts that are intermediate between those produced from ultrafast and long laser pulses, or exploit individual advantages of each, as has been shown in solid-materials processing [38] . In hydrogels, explosive boiling and cavitation sets a limit on the number of pulses that can be usefully applied in a pulsetrain-burst ( Fig. 5) , though the necrosis range can still be controlled through laser pulse intensity ( Fig. 6(b) ).
One of the principal outcomes of this study is the extent and nature of collateral damage caused by ultrafast-laser pulsetrain-burst interaction with live-culture hydrogels, for different parameters of the pulsetrain-burst. Cellular necrosis in biotissues is due to a combination of thermal diffusion and shockwave propagation. High repetition-rates lead to more rapid thermal accumulation and plasma-plume formation that may scald collateral cells, while shockwaves may create mechanical strain sufficient to rupture cellular membranes. For both mechanisms, the amount of damage is expected to increase with the temperature of the mediating plasma and the strength of the shockwave, which in turn increase with the per-pulse intensity. The increased extent of cellular necrosis with pulse intensity in Fig. 6 agrees with this expected scaling.
Different damage mechanisms should dominate when irradiating with either a single, ultrafast-laser pulse or a train of ultrafast-laser pulses. For single ultrafast-laser pulses, thermal damage should not play a large role in collateral cellular necrosis. For a long train of closely spaced ultrafast-laser pulses, thermal accumulation is a clear damage mechanism for the surrounding tissue [38] . However, it is unclear for viable-cell hydrogels as to whether absorption of 10-13 ultrafast pulses results in significant thermal accumulation, causing the range of cellular necrosis seen in Fig. 6 . Also, the prospect of explosive boiling in hydrogels may mean that instead of 10 modest shockwaves, 10 pulses accumulate to create one large shockwave, particularly if material ejection is preceded by bubble formation.
For cells in a hydrogel matrix, irradiation with pulsetrain-bursts does not appear to result in widespread cellular apoptosis beyond the ablation crater. For pulsetrain-burst ultrafast-laser ablation, cellular apoptosis would likely result from the collateral physical impact of plasmamediated ablation, such as heat and shockwaves, which would not activate death receptors and death signaling pathways through de novo protein synthesis (i.e., programmed cell death). Heat and/or shockwaves might rupture the mitochondrial membrane and lead to immediate release of cytochrome C, triggering a caspase cascade and result in pre-programmed cell death 6-8 hours after laser irradiation. However, for hydrogels irradiated with our laser, the immediate physical impact from ablation is strong enough to rupture the cellular membrane directly, causing cellular necrosis.
For cells in a hydrogel matrix, the preliminary results here indicate that ultrafast laser pulses delivered in pulsetrain bursts do not result in gross DNA double-strand breaking equivalent to 5Gy of absorbed dose -at least not in cells surviving long enough to activate the repair-complex mechanism. Possibly this result may not carry over to in vivo tissues: for instance, the relatively low concentration of metallic salts in hydrogels, compared to live tissue, may skew our result to lower doses of secondary radiation, since the flux and spectrum of XUV and X-ray photons depends sensitively on atomic number. It may also be that absorption of only 10-13 pulses in hydrogels produces plasma that is insufficient to produce appreciable DNA double-strand breaks, while much longer pulsetrain bursts may have greater effect. However, it is clear that more-sensitive measurements are needed, capable of detecting lower densities of DNA double-strand breaks at lower doses (<5 Gy) of ionizing radiation. Direct femtosecond-laser irradiation of DNA in aqueous solution at 12 TW/cm 2 (below the optical breakdown threshold of water) have been shown to result in DNA single-stranded breaks [47] , but the results are likely to differ when DNA is located naturally within organelles inside cells that are embedded in a hydrogel matrix.
In conclusion, a 3D living cell culture was developed and shown to be a useful as a proxy for low tensile-strength tissues to study cellular response in biological tissues following ultrafast-laser ablation. Cells imbedded in gels are viable for extended times (> 85% viable after 24 hours) allowing time for biological response, cellular expression, and diffusion of a range of fluorescent cell markers. Tagged cells were found to be successfully imaged up to ~700 µm depth below the hydrogel surface, using virtual sectioning via confocal fluorescence laser scanning microscopy. In application, the cell necrosis and apoptosis insult following pulsetrain-burst mode ultrafast laser ablation was characterized as a function of incident laser parameters. We expect this living tissue proxy to be well suited to fundamental studies of other therapeutic applications, such as photodynamic therapy, proton cancer therapy and X-ray irradiation.
